A finite element (FE) model of blood perfused biological tissue has been developed. Blood perfusion is described by fluid flow through a series of 5 intercommunicating vascular compartments that are embedded in the tissue. Each compartment is characterized by a blood flow permeability tensor, blood volume fraction and vessel compliance. Local non-linear relationships between intra-extra vascular pressure difference and blood volume fraction, and between blood volume fraction and the permeability tensor, are included in the FE model. To test the implementation of these non-linear relations, FE results of blood perfusion in a piece of tissue that is subject to increased intramuscular pressure, are compared to results that are calculated with a lumped parameter (LP) model of blood perfusion. FE simulation of blood flow through a contracting rat calf muscle is performed. The FE model used in this simulation contains a transversely isotropic, non-linearly elastic description of deforming muscle tissue, in which local contraction stress is prescribed as a function of time. FE results of muscle tension, total arterial inflow and total venous outflow of the muscle during contraction, correspond to experimental results of an isometrically and tetanically contracting rat calf muscle.
Introduction
Blood perfusion in muscle tissue is subject to mechanical interaction between blood and tissue. This interaction plays an important role in, for example, compartment syndrome, where blood perfusion decreases when intramuscular pressure increases (Reneman et al., 1980, Shrier and Magder, 1995) . Reduced blood flow in muscle during tetanic contraction is also a result of this interaction (Barcroft and Miller, 1939 , Hirche et al., 1970 , Livingston and Resar, 1993 . The exact mechanism of this interaction is not quite clear. Downey and co-workers showed that increased tissue pressure, rather than local deformation, is responsible for coronary flow impediment during cardiac systole , Downey and Kirk, 1975 . They postulated the vascular waterfall mechanism, proposed by Permutt and Riley (1963) , as an explanation of the observed phenomena. According to the vascular waterfall mechanism, blood flow decreases with increasing tissue pressure, because venous blood pressure increases to tissue pressure due to collapse of the distal venous blood vessels. Mathematical models of blood perfusion that account for this behaviour by non-linear vessel compliance have been developed (Arts and Reneman, 1985 , Spaan, 1985 , Bruinsma et al., 1988 . Intramuscular pressure, determined from experiments or estimated with simple models, is prescribed in these models. On the other hand, models describing the mechanical behaviour of muscle tissue have been developed (Bovendeerd et al., 1992 , Horowitz et al., 1988 , Huyghe et al., 1991a , which do not include a local description of blood perfusion.
The mechanical interaction between intramuscular pressure and blood perfusion takes place at the blood vessel walls, all along the vascular tree, and depends on the mechanical properties of the vessel walls and the local mechanical states of the blood and the extravascular tissue. Therefore, the mechanical blood-tissue interaction is essentially regional and inhomogeneous, which has been illustrated by experimental results (Kirkeb+ and Wisnes, 1982; Wisnes and Kirkeb+, 1976) . To investigate this mechanical interaction, we have integrated the aforementioned models of blood perfusion and tissue mechanics in a FE description of regional blood perfusion in deforming biological tissue (Vankan et al., 1997a) . We incorporated non-linear vessel compliance and a local relation between blood flow conductance and blood volume fraction into the FE model. For verification of these non-linear relations in the FE description of blood perfusion, we also developed a lumped parameter (LP) model, which is based on the models in (Arts and Reneman, 1985 , Bruinsma et al., 1988 , Spaan, 1985 . In this paper, the non-linear relations that were implemented in the FE model are presented. These non-linear relations require a reformulation of the FE equations. The new formulation is presented in Appendix B. A description of the LP model is given in Appendix C.
As a first attempt of verification of the FE model, simulations of blood flow through a piece of tissue that is subject to increased intramuscular pressure are performed with the FE and LP models. The results of the two models are compared.
The integrated local description of tissue mechanics and blood perfusion by the FE model, offers the possibility for integrated regional analysis of blood perfusion in contracting muscles. In this study FE simulation of blood flow through a contracting skeletal muscle has been performed. The FE results are compared to experimental results of blood flow through an isometrically and tetanically contracting rat calf muscle. Because autoregulation is not described by the FE model, the major effects of autoregulation -decrease of arteriolar vessel wall tension, resulting in a decreased arteriolar flow resistance -should be prevented in the experiment. Therefore, the measurements have been performed in an approximately constant vasoactive state during active hyperemia.
Methods

The FE Model
A hierarchical mixture description of blood perfused biological tissue has been derived (Vankan et al., 1996) . This mixture contains one solid constituent, which represents the total extravascular tissue, and a series of intercommunicating fluid constituents, each representing the blood on a different hierarchical level in the vasculature. The hierarchical level is quantified by an arbitrary, dimensionless parameter x , which is assumed to run from 0 (arterial level) to 1 (venous level). In this study, the vascular hierarchy is subdivided into a sequence of five compartments (arterial, arteriolar, capillary, venular and venous) , each represented by a section of the x -range of x "0.2. Blood flow is described by spatial components and a hierarchical component. The latter corresponds to the physiological quantity of regional perfusion (ml/(s 100 g)) (Huyghe et al., 1989 , Vankan et al., 1997b . Equations for conservation of solid mass, conservation of fluid mass per unit of x , and conservation of momentum for the mixture have been formulated (Vankan et al., 1997a) :
fluid mass:
where n is the total local fluid volume fraction, nJ is the local fluid volume fraction per unit x , v is the solid velocity, is the effective stress and p is the hydrostatic pressure in the mixture, and t is time. The J is used to indicate that a variable depends on x and, if the quantity is volume specific, is defined per unit x . The left index 4 indicates that a vector or tensor is four-dimensional. For example, vJ is a four-dimensional velocity vector, composed of the three-dimensional velocity vector of the blood plus an arteriovenous (x ) component. The derivations of the equations of conservation of solid and fluid mass are briefly explained in Appendix A.
Also constitutive relations for the stress in the mixture and the fluid flow have been derived (Vankan et al., 1996) :
which are substituted in the conservation equations. Eq. (5) is the extended form of the well-known Darcy equation (Huyghe and van Campen, 1995) . In Eq. (4), ¼ is the strain energy function, F is the deformation tensor, E is the Green-Lagrange strain tensor, J is the x -dependent fluid pressure, and J is the relative volume change of the mixture. The four-dimensional operators and and permeability tensor K I contain x -components, and for compactness of notation the vector v and tensor F, which contain x -components that have no effect on the model, are used: "
In (Vankan et al., 1997a ) the derivation of the non-linear FE equations from the conservation equations is presented. In this derivation a linear relation between (JnJ ) and ( J !p) was assumed. Consequently, vessel compliance, defined as cJ "*(JnJ )/*( J !p), was constant. In this study, a more sophisticated, non-linear relation between the Lagrangian fluid volume fraction (JnJ ) and intraextra vascular pressure difference ( J !p) is implemented in the FE model:
Such an arctan-based relation is commonly used in literature on compliant vessels (Braakman et al., 1989 , Bruinsma et al., 1988 , Permutt and Riley, 1963 Vankan et al., 1997c) . ( JnJ ) is the fluid volume fraction in the reference configuration and p and p are reference pressures. Vessel compliance now depends on ( J !p):
Vessel volume, and consequently fluid volume fractions, are assumed to depend on the square of the vessel diameters. If, as an approximation, Poiseuillian flow is assumed on the level of the individual vessels (e.g., Huyghe and van Campen, 1995; Vankan et al., 1997b) , the permeability tensor is related to the fourth power of the vessel diameters. Hence, the following relation is used:
where K I is the permeability tensor in the reference configuration. The implementation of these non-linear relations requires a new formulation of the FE equations of conservation of solid and fluid mass, which is presented in Appendix B.
Test Problem
To test the non-linear relations that have been implemented in the FE model of blood perfusion, FE results of blood flow through a piece of tissue that is subject to gradually increasing intramuscular pressure, are compared to results that are calculated by the LP model. In the FE simulation, the piece of tissue is represented by one finite element that contains the description of blood perfusion. In the LP simulation only one flowpath is used. The increasing intramuscular pressure is prescribed in both models. Arterial (P ) and venous (P ) blood pressure boundary conditions are also prescribed in both models: P is increased to 13 kPa, and P is maintained at 0 kPa. The vasculature is divided into a series of five compartments, representing the arterial, arteriolar, capillary, venular and venous vessels, respectively. Values for the input parameters of the LP model-reference volume »0 G and resistance K G \ for each of the compartments have been derived from morphometric data of microvasculature in skeletal muscle tissue (Braakman et al., 1989) .
Estimates for the reference pressures P0 G and PS G are based on (Skalak and Schmid-Scho¨nbein, 1986 ). Blood flow in the LP model is expressed per unit of tissue volume (1/s), which corresponds to the flow component in x -direction of the FE model:
The permeability cross-term k [Eq. (6)] is assumed to be 0 and e is the unit vector in x -direction. The initial spatial permeability tensors [Eq. (6) ] are large and isotropic for the arterial and venous compartments (K " K "I), and zero for the other compartments. The FE perfusion parameters are related to the LP model parameters according to:
is the x -range of one compartment, which equals 0.2 because of the equidistant discretization of the x -range into five compartments. The values that were used in the analyses are listed in Table 1 .
FE simulation of blood perfusion during muscle contraction
Simulation of blood perfusion in a tetanically and isometrically contracting muscle is performed. Experimental measurements of total arterial and venous flow through a rat calf muscle (m. triceps surae) during tetanic, isometric contraction have been recorded (Donkelaar et al., 1995) . Arterial inflow, venous outflow and muscle tension, predicted by the FE model, are compared to the experimental results. As no description of vasoactivity is included in the model, the blood flow measurements should be performed under constant vasoactive conditions. A state of almost constant active hyperemia is Fig. 1 . FE mesh of the rat calf muscle, with boundary conditions for isometric contraction (displacements of proximal and distal ends of the muscle are suppressed) and fiber directions (dashed lines). Arterial and venous blood pressures are prescribed in two nodes at the positions of the supplying and draining blood vessels P 1,2 and P 1,2. The thick lines represent the locations of the aponeuroses and achilles tendon.
enforced in the experiment by repeated stimulation of the muscle just before the actual blood flow measurement. The mesh of the FE model of the muscle is based on the rat gastrocnemius medialis muscle, and consists of 112 quadratic plane-strain elements for the blood perfused muscle belly and 45 quadratic truss elements for the aponeuroses and tendon (Fig. 1) . This two-dimensional approximation represents the cross-section of the muscle in the mid-frontal plane. The medial and lateral distal aponeuroses merge into the achilles tendon and the proximal end of the muscle is attached to the femur. The length of the muscle is 30 mm and muscle fibers are approximately 12 mm long. The surface area is 90 mm. Length and thickness of the achilles tendon are 3 and 0.02 mm, respectively, and the aponeuroses vary in thickness from 0.1 to 0.01 mm. Fiber directions are within the two-dimensional plane, such that they align with the free muscle surfaces (Fig. 1) . Nodal boundary conditions are prescribed to suppress displacements of the free ends of muscle and tendon (isometric contraction). Arterial and venous pressures are prescribed in the corner nodes of 2 additional elements that represent the muscle's feeding arteries and draining veins (Fig. 1) .
The passive material behaviour of the muscle tissue is based on a non-linear elastic, transverse isotropic description of cardiac tissue (Bovendeerd et al., 1992) . The strain energy in the tissue is expressed as
where C"5 kPa and E GH are the components of the Green-Lagrange strain tensor. The indices i, j refer to the local element coordinate system with base vectors e , e , where e coincides with the local fiber direction (Fig. 1) . Because biaxial experimental data on gastrocnemius muscle are not available, the number of parameters in Eq. (12) has been reduced to minimum. For the same reason, the parameter values in this relation are based on experimental data of the diaphragm (Strumpf et al., 1993) . The stiffness in cross-fiber direction is larger than in fiber direction and the shear stiffness is low. Contraction of the muscle tissue is modelled by addition of an active stress component to the passive second PiolaKirchhoff stress in fiber direction. The active stress is prescribed explicitly as a function of time, mimicking a tetanic pulse with a duration of 0.9 s and a maximum stress of 100 kPa. The tendinous material behaviour is modelled linearly elastic with a Poisson ratio of 0.3 and a Young modulus of 200 MPa, which is an estimation of tendon stiffness at small strains (Smith et al., 1996) . The same FE blood perfusion parameter values as in the test problem described above are used. Only the arterial and venous initial spatial permeability tensors are larger: K I "10 I; K I "100 I. The initial material parameters given in Table 1 are assumed homogeneous in the reference configuration. To account for resistance and compliance of the feeding arterial vessels and draining venous vessels, extra, non-deforming, blood perfusion elements are attached to the muscle (Fig. 1) . The blood pressure boundary conditions (P "16 kPa; P "0 kPa) are prescribed in one node of each of these elements.
FE simulation of transient blood flow through the muscle during tetanic and isometric contraction is performed. During the first 2 s, P is increased from 0 to 16 kPa, and then maintained constant. The arterial pressure at the muscle is about 13 kPa. Venous pressure is kept 0 throughout the simulations. After 5 s the tetanic contraction pulse is started. The contraction stress in the FE model increases along a sine-shaped function of time, from 0 to 100 kPa within 0.1 s, then remains constant for 0.7 s, and then decreases to 0 again in 0.1 s.
Results
Test problem
Transient blood flow through compliant vasculature, subject to gradually increasing intramuscular pressure (Fig. 2a) , is predicted by the FE model and the LP model. Good correspondence between the solutions of the two Fronek and Zweifach, 1975 (cat tenuissimus muscle; values are presented relative to venous pressure), and from FE simulation (---).
Fig. 3. Arterial and venous volume fractions, calculated by the LP model (-) and the FE model (---). Exactly equal FE-and LP results
for the arterial volume fraction are found. models is found for the arterial inflow (Fig. 2b) , venous outflow (Fig. 2c) , and the arterial volume fraction (Fig. 3) . A difference between the solutions of the venous volume fraction calculated by the two models is found.
FE simulation of muscle contraction
About 4 s after the start of the simulation, stationary blood perfusion in the passive muscle is reached. Arterial inflow equals venous outflow in the stationary state.
Stationary microvascular blood pressures in the passive muscle are in good agreement with experimental data of blood pressures in the microcirculation of the cat tenuissimus muscle (Fronek and Zweifach, 1975) (Fig. 4) .
Deformation and intramuscular pressure distribution of the muscle during contraction are computed by the FE model (Fig. 5) . In the FE simulation, contraction stress is prescribed in the local fiber direction. Due to the resulting deformation and incompressibility of the muscle tissue, hydrostatic intramuscular pressure rise occurs (Fig. 5b) . In the experiment, the contraction force is measured at the achilles tendon. The contraction stress that is prescribed in the FE simulation also results in a tendon force. The normalized contraction stresses presented in Fig. 6 are calculated by L "(F l )/» , where F is the tendon force, l is the average muscle fiber length, and » is the muscle volume. Due to the compliance of the vascular compartments, the blood volume fractions change during contraction. Arterial and venous blood flow during and after contraction, calculated in the FE simulation, are compared to experimentally measured values (Fig. 6) . The pulsatility of the experimental arterial flow is due to the pulsatile arterial blood pressure. This is left out of consideration in the FE simulation, in which a constant arterial pressure is prescribed. From the steady state level of blood flow, of about 0.006 s\, arterial inflow is strongly decreased at the onset of contraction. At the same time, venous outflow is strongly increased. These peaks result from the blood that is squeezed out of the muscle. The FE model over-estimates both these peaks. The effect during the contraction on arterial and venous flow is also over-estimated. At the end of the contraction pulse, a short period of increased arterial inflow is found in the FE simulation, while in the experiment arterial inflow is slightly increased during a longer period. Both the FE simulation and the experiment show a diminished level of venous outflow just after the contraction.
Discussion
The good correspondence between FE and LP results for transient arterial and venous flows and arterial volume fraction (Figs. 2 and 3) in the test problem, indicates that the descriptions of the non-linear vascular compliances and the non-linear flow resistances are consistent in both models. The difference between the results for the venous volume fraction may result from the instability due to the very high compliance of the venous compartment.
The level of blood perfusion in the passive muscle in the experiment (0.0045 s\) is approximated in the FE simulation, from which it can be concluded that suitable values for the input parameters of the perfusion description have been derived directly from the morphometric data. Moreover, these parameters-blood volume fractions, blood flow resistances and vessel compliancesrepresent relevant microvascular quantities. In spite of the gross assumptions and simplifications, such as Poiseuillian flow with a constant viscosity in the blood vessels, that have been used in the derivation of the parameter values, experimental results for blood pressures and flows are approximated by the model results.
In the deformed muscle the aponeuroses are pulled towards each other, while the free muscle surfaces slightly bulge. Strains in aponeuroses and tendon vary between 1 and 3%, which is consistent with experimental findings that were measured both during contraction and during passive stretch (Bavel et al., 1996) of rat calf muscle. During contraction, the FE simulation predicts a region with very high intramuscular pressure in the centre of the muscle, running from one to the other aponeurosis. Very low, even negative, pressures occur closer to the tendons. Qualitatively the heterogeneity of the pressure pattern is consistent with experimental results (Kirkeb+ and Wisnes, 1982) .
Because of the essential role of the tissue mechanics in the blood-tissue interaction during muscle contraction, and because of the inhomogeneity of this interaction, we conclude that a model of the blood-tissue interaction must contain an integrated local description of regional blood perfusion and tissue mechanics. The finite element model meets these requirements. Extensions of the model, including three-dimensional geometry, viscoelastic dissipation and advanced contraction models are recommended.
Appendix A. Equations of conservation of solid and fluid mass
In the hierarchical mixture description of blood perfused biological tissue the blood flow through the vascular bed is represented by the spatial and hierarchical components of the fluid flow vector. The transport of fluid from one hierarchical level to the other is described by a fluid volume interaction term I in the equation of conservation of fluid mass:
where
vJ D is defined as the material time derivative of x with respect to the fluid, and represents the rate at which fluid flows from one x level to the other:
By making use of the four-dimensional operator and vector v the compact notation of the equation of conservation of fluid mass is found:
Likewise, the equation of conservation of solid mass reads:
Assuming only one solid constituent and no mass interaction between solid and fluid, the balance of mass for the total hierarchical mixture requires:
The hierarchical mixture is assumed to be saturated, which is expressed as
and which yields for the conservation of solid mass: 
in which also the identity of [Eq. (B.1)] has been used. These equations are further evaluated by a weighted residual procedure and discretization, analogous to the procedure presented in (Vankan et al., 1997a) . However, the resulting FE equations of conservation of solid and fluid mass are different. The total system of FE equations now reads in matrix notation: 
('e G ) F \A ) a ) JK dA (B.14) For further explanation of the symbols we refer to (Vankan et al., 1997a) .
